Arterial transit time (ATT), a key parameter required to calculate absolute cerebral blood flow in arterial spin labeling (ASL), is subject to much uncertainty. In this study, ASL ATTs were estimated on a per-voxel basis using data measured by both ASL and positron emission tomography in the same subjects. The mean ATT increased by 260 6 20 (standard error of the mean) ms when the imaging slab shifted downwards by 54 mm, and increased from 630 6 30 to 1220 6 30 ms for the first slice, with an increase of 610 6 20 ms over a four-slice slab when the gap between the imaging and labeling slab increased from 20 to 74 mm. When the per-slice ATTs were employed in ASL cerebral blood flow quantification and the in-slice ATT variations ignored, regional cerebral blood flow could be significantly different from the positron emission tomography measures. ATT also decreased with focal activation by the same amount for both visual and motor tasks (~80 ms). These results provide a quantitative relationship between ATT and the ASL imaging geometry and yield an assessment of the assumptions commonly used in ASL imaging. These findings should be considered in the interpretation of, and comparisons between, different ASL-based cerebral blood flow studies. The results also provide spatially specific ATT data that may aid in optimizing the ASL imaging parameters. Magn Reson Med 00:000-000, 2010. V C 2009 Wiley-Liss, Inc.
Significant efforts have been made to improve the accuracy of absolute cerebral blood flow (CBF) measurements estimated by pulsed arterial spin labeling (ASL) MRI. To improve the inversion profile and the labeling efficiency, adiabatic or hypersecant pulses and other variants have been proposed (1) (2) (3) (4) . To overcome the signal dampening due to the off-resonance effect of the inversion radiofrequency (RF) pulse, separate coils for labeling and detection have been employed (5) (6) (7) (8) (9) . Measurement of the arterial blood proton density was suggested to minimize the nonuniformity of the brain tissue-blood partition coefficient (k) (10) , and methods have been presented to reduce the sensitivity of CBF quantification to arterial transit time (ATT) effects (contamination from intravascular arterial blood water) in CBF quantification (11) (12) (13) .
In ASL, water in the arteries is magnetically labeled, and when it reaches the capillary bed and exchanges with the extravascular water, the labeled water induces changes in local magnetization relative to the case in which the arterial water is undisturbed. These changes are detectable by MRI and such images of the intensity changes are perfusion weighted. Absolute CBF values can be calculated based on these perfusion-weighted intensity changes. ATTs, however, are one of the key phenomena that affect the calculation of the absolute CBF from the image intensity differences. In ASL, ATT refers to the time it takes the arterial blood to travel from the labeling site to the capillaries in the tissue being imaged. By definition, the ATT sets a minimum delay time between the RF labeling and data acquisition. The ATT must be known in order to calculate absolute CBF. The effect of uncertainty in the ATT on CBF quantification has been actively investigated by a number of authors (13) (14) (15) (16) (17) (18) (19) . Several methods have been proposed to measure ATT values using the ASL sequence either with arterial blood flow crusher gradients (14, 18) or by varying the postlabeling delay times (13, 15, 17, 19, 20) . Since the ATT values in ASL are dependent on the geometric setup, i.e., factors such as the slice thickness and orientation, imaging location, and the gap between labeling and imaging slabs, the ideal acquisition should include a measure of the voxelwise ATTs in the ASL imaging protocol. In practice this is not done because all of the available methods for measuring ATTs are very time consuming and suffer from low signal-to-noise ratio and contamination from intravascular signals, and hence the measurements tend to be inaccurate.
Three practical approaches have been used to address uncertainties in the ATT: first, empiric per-slice ATT values are used from other ATT studies; second, it has been suggested that when multiple slices are acquired in an ascending order as in quantitative imaging of perfusion using a single subtraction II (QUIPSS II) (10, 12) , the mean ATT for each slice coincides with the postlabeling delay time for the same slice, and CBF measurements can be scaled accordingly; and third, ASL imaging sequences have been modified to incorporate the ATT term but nonlinear equations have been solved to yield both the CBF and ATT (21) (22) (23) (24) (25) . This last approach has the same drawbacks as measuring ATTs by varying the postlabeling delay times.
This work examines several issues related to the ATTs in ASL by taking advantage of the CBF measures obtained using [ 15 O]water positron emission tomography (PET), which is considered the gold standard for measuring CBF. Absolute CBF values on a per-voxel basis were obtained using PET, and MR measures of perfusion-induced changes in signal intensity, proton density, and the T 1 s were obtained in the same subjects. These data allowed for a direct calculation of the ATT value for any voxel that was included in both the PET and ASL acquisitions. A variety of imaging geometries are used in ASL imaging to measure CBF by investigators from different research groups, yet the dependence of the ATT values upon the imaging geometry is assumed to be insignificant and is therefore not taken into consideration in CBF quantification. This work addresses the impact of geometrical issues on the ATT values required by ASL and examines the impact of the ATT values on CBF measured using ASL due to different geometric setups. First, fusing both PET and MRI acquisitions from the same subjects allowed us to investigate the extent to which the per-slice ATT values depend upon the location of the imaging slab and the gap between the imaging and labeling volumes; second, when the ATT values on a perslice basis are empirically assumed or borrowed from the literature, differences in the exact image acquisition parameters and geometries are often ignored at the expense of accuracy, and this work examines the significance of within-slice variations in ATT; third, activation-induced changes in ATT were quantified within sensorimotor and visual regions of interest (ROIs) to provide insight into the errors that arise in CBF quantification due to taskinduced ATT changes that are ignored in practice.
Clarification of these issues not only reveals the quantitative relationship between the ATTs and the ASL imaging geometry but also allows an evaluation of the ATT assumptions commonly used. The findings provide a framework for the interpretation of and comparison between ASL-based CBF studies. The spatially specific ATT data may also be useful in choosing optimal ASL imaging parameters and aid in minimizing errors in absolute CBF quantification.
MATERIALS AND METHODS

Subjects
Fourteen healthy consenting subjects (all males, average age 27 AE 6 years) were recruited to participate in a protocol approved by the Institutional Review Board of Yale University School of Medicine. All the subjects underwent two MRI sessions at the Yale University Magnetic Resonance Research Center (and the data from the two sessions were averaged) and one PET session at the Yale University Positron Emission Tomography Center. All three visits were scheduled on different days, maximally 4 weeks apart, typically in the order MR-PET-MR.
Magnetic Resonance Imaging
Magnetic resonance imaging data were acquired on a 3-T whole-body scanner Trio (Siemens Medical Systems, Erlangen, Germany) with a circularly polarized head coil. Pulsed ASL (PASL) imaging was used to measure perfusion-induced changes in image signal intensity during the resting state or in the presence of sensorimotor (finger tapping) or visual stimulation. The QUIPSS PASL sequence was modified from the EPISTAR (echo-planar imaging with signal targeting using alternating radio frequency) sequence by adding a train of thin-slice saturation RF pulses, which were applied at the postlabeling delay inversion time (TI) 1 ¼ 700 ms after the inversion RF pulse to control the bolus delivery and suppress the intravascular signal from large vessels (12) . Interleaved labeling and control images were acquired using a gradient echo-planar imaging sequence. A slab-selective (100 mm) hypersecant inversion RF pulse was used for ASL. The RF pulse was applied to a slab 20 mm inferior to the imaging slab. As a control, the same RF pulse was applied to a slab 20 mm superior to the imaging slab. In order to obtain whole brain coverage, ASL data were collected separately for the upper and lower parts of the brain. For each part, 10 anterior commissure-posterior commissure (AC-PC) aligned slices were acquired from inferior to superior in an ascending order. For the sensorimotor task, the imaging slab was positioned on the upper part of the brain, with the lowest slice passing through the AC-PC line; for visual stimulation, the imaging slab was positioned on the lower part of the brain, with the 7th slice from the bottom passing through the AC-PC line. The ASL acquisition parameters were field of view ¼ 240 Â 256 mm 2 ; matrix ¼ 60 Â 64; and bandwidth ¼ 2298 Hz/pixel. We define the effective slice thickness as the imaging slice thickness plus the interslice gap; slice thickness ¼ 6 mm, interslice gap ¼ 3 mm, effective slice thickness of 9 mm. The pulse repetition time (TR) ¼ 2000 ms; the echo time ¼ 20 ms. Acquisition of each slice took approximately 55 ms; therefore, the postlabeling TI for each slice i, i ¼ 1, 2, … , 10, TI(i) ¼ 1400 þ 55 Â (i À 1) ms. A bipolar gradient of encoding velocity V enc ¼ 5 cm/sec was applied to the imaging slices to suppress the signal contamination from the labeled arterial water within large vessels. To reduce the variability in the ATT estimation, the proton-densityweighted image and the apparent T 1 map T 1app were estimated for both upper and lower parts of the brain. Proton-density-weighted images were collected using the same perfusion sequence, except for the following changes: TR was set to 8000 ms, the delay time was set to 0 ms, and the TI was set to 6050 ms. The T 1app mapping data were acquired using an ultrafast Look-Locker echo-planar imaging T 1 mapping sequence (26) . Two additional acquisitions were acquired to aid in multisubject registration. First, a high-resolution whole-brain three-dimensional (3D) structure image was acquired for each subject using magnetization prepared rapid acquisition with gradient-echo imaging, with the following settings: 160 The PET scan session required insertion of an arterial catheter for the purpose of drawing blood to measure the input function. A catheter was placed in the subject's radial artery (nondominant side), after establishing an adequate ulnar and radial arterial supply to the hand, using the Allen test. In all but one subject, the arterial line was placed in the left arm. PET imaging was performed using a high-resolution research tomograph (Siemens, Knoxville, TN), which acquires 207 slices (1.2 mm slice separation) with reconstructed image resolution of $2.5 mm. Subjects were positioned in the camera head first, supine with their arms by their sides. Each subject's head was centered in the field of view and immobilized using a chin strap. A 6 min transmission scan was acquired for attenuation correction. Twelve bolus injections (20-sec duration) of 20 mCi of [ 15 O]water each were administered through an i.v. line at intervals of 10 min, using an infusion pump. List mode data were acquired on the high-resolution research tomograph for each scan. Acquisition of high-resolution research tomograph list mode data began shortly before each injection. Simultaneously, the arterial input function was measured with an automated blood-counting system (phosphate-buffered saline-101; Veenstra Instruments, Joure, the Netherlands), using a continuous withdrawal system with a peristaltic pump (4 mL/min). The radioactivity in whole blood was measured with a calibrated radioactivity monitor. The total blood withdrawal per injection was <20 mL.
Task Paradigm
During each run in an MRI session, the presentation of tasks, either sensorimotor or visual, had a pattern of ''offon-off-on-off'', each ''off/on'' period lasting for 60 sec, and for each run the scan time was 5 min. The sensorimotor task was a visually guided unilateral finger tapping. The visual clue was projected to a screen that the subject could see through a mirror system. A small white fixation crosshair ''þ'' was presented against a black background at the center of the screen during the control periods. For each run, an arrow remained either on the left or on right side of the fixation crosshair, assigning the hand to be used, and a number (1 to 4) was presented in a randomized order at a rate of 3 Hz, notifying the subjects of the tapping finger. Each MRI session consisted of four sensorimotor runs, and for each run, the hand the subject used to perform the finger-tapping during was randomly chosen. Visual stimulation used an 8-Hz reversely flashing full-field black-white checkerboard with the horizontal and vertical extent $16 and 12 , respectively. During the visual rest intervals, the subjects fixated on a small white fixation crosshair ''þ'' presented against a black background. Four visual runs were performed during each MRI session. Exactly the same imaging protocol was repeated during the subject's second MRI visit.
For the PET sessions, subjects were asked to perform visual and motor tasks during the 12 [ 15 O]water scans. The task acquisition (performed in random order) consists of four baseline resting-state central fixation injections, four scans during the flashing full-field checkerboard visual stimulation, and four scans during the visually cued finger-tapping paradigm with the injection in the arm opposite to the intra-arterial line placement (right arm for 13 subjects). The position and size of the display screens were chosen to provide a solid angle of viewing closely matched across the PET and MR sessions. The presentation of tasks had the pattern of ''off-on-off-on-off'', each for 60 sec (total of 5 min), which was identical to that in the ASL session. Due to the nature of PET, the timing of scans was different. Each of the task sessions began 1 min before injection time, during which time the subject performed central fixation. This was followed by full-field flashing checkerboard or alternating fixation/finger tapping blocks, which began coincident in time with the [ 15 O]water injection. Since the critical period for PET CBF measurements is in the first 10-15 sec following bolus arrival in the brain (27) , and the relevant data acquisition time was 90 sec, the second presentation of stimulus had no effect on the data but was included to match the stimulus presentation to that of the MR sessions.
Data Processing
ASL Perfusion-Weighted Images
Perfusion-weighted and the proton-density weighted images were motion-corrected using the Statistical Parametric Mapping package (SPM99) via a six-parameter rigid-body transformation. Time series of the perfusionweighted images were obtained by pairwise ''surround'' subtraction between interleaved label and control pairs for either the resting state or task-performing conditions, resulting in a temporal resolution of 2TR (28) (29) (30) . Perfusion-induced difference maps (DM) were calculated by averaging all the difference images in the time series for each condition. The mean image of the motion-corrected proton density images (M 0 ) was estimated by averaging multiple acquisitions.
PET CBF Quantification
Motion correction of PET images was performed in two steps. First, for each injection, images without attenuation and scatter correction were reconstructed. Then, all scans were registered to the first scan using FSL 3.2 (Analysis Group, FMRIB, Oxford, UK) with a six-parameter rigid transformation. This step produced a motion correction file that was applied in the second-phase of reconstruction. This reconstruction step incorporates the motion information directly so that the transmission data are properly aligned with the emission counts (31) . The final PET images for each injection were accumulated for 90 sec following arrival of the tracer in the brain, determined by examination of the whole-head count rate curve. Maps of the average radioactivity concentration were reconstructed with corrections for measured attenuation, normalization, motion, scatter, and dead time.
The blood radioactivity data were corrected for background, dead time, sensitivity, and dispersion (between the catheter and the detector). Time shifts (mean ¼ À0.333 min, standard deviation ¼ 0.074 min) between blood and brain data were determined by aligning scanner count rate data (measured once per second) to the blood data (32), specifically, a 15-sec period of wholebrain count-rate data starting $5 sec before tracer arrival was fitted to the one-compartment model with two parameters: whole-slice CBF and time shift. Tissue clearance was assumed to be negligible during this period. CBF images were produced on a pixel-by-pixel basis by the autoradiographic method (33), using an assumed value of the water partition coefficient (k) of 0.9 mL/g and a correction for average brain density of 1.05 g/mL.
Intersubject Data Integration
A standard whole-brain template defined by the Montreal Neurological Institute (MNI; 1 mm) was used for subject spatial normalization of the group data. Registration of multiple subject data and group analyses were carried out using the BioimageSuite software package bioimagesuite.org (34) for both PASL and PET images. Two transformations were performed to allow multiple subject integration: first, a linear transformation was estimated by coregistering the subject's upper or lower set of multislice two-dimensional T 1 -weighted images to the high-resolution 3D anatomic image of the same subject, and this was then used to transform the individual maps of both the resting state and task-induced data to the high-resolution 3D anatomic space of that subject; second, a nonlinear transformation was used to coregister the high-resolution 3D anatomic image of each subject to the common brain template, which enabled warping of all the transformed maps of a subject to a common brain space. Trilinear interpolation was employed for image regridding in the common 3D space. All group analysis was performed in the common space. Voxelwise contrasts between conditions were estimated using the pooled-subject data to test the null hypothesis.
For each MR session, the resting state data of the upper part of the brain were estimated from the images collected during the resting periods of the sensorimotor stimulation paradigm and those of the lower part from the resting periods of the visual paradigm. The maps of the two parts were normalized to the common brain template separately. If in the common space there was an overlap of the data from these two volumes, the average voxel value was used in the overlap region. Individual subject PET data covering the whole brain was first registered to the subject's structural 3D MR image using a seven-parameter linear registration (the 7th parameter allowed for slight differences in physical scale between PET and MR), and these data were then transformed into the common space in the same manner as for the MR data.
ATT Mapping
Given the perfusion-induced intensity changes in ASL images DM, the proton-density-weighted image M 0 , the apparent T 1 T 1app , and the CBF data measured by PET (f PET ), by rearranging the terms of the following equation commonly used for CBF calculation in PASL:
and assuming CBF was measured using PET, f ¼ f PET , the ATT (s a ) can be calculated based on the following equations:
in which k is the tissue-blood partition coefficient for water; T 1a is the T 1 for the arterial blood, and
is the correction factor, which accounts for the magnetization exchange between intravascular and extravascular space in the capillary bed; a p is the ASL efficiency of the RF pulse. An iterative algorithm was employed to estimate s a (see the Appendix for more details).
All the PET and ASL data were transformed to the common MNI space, and therefore the ATT values were also calculated for each individual dataset in the common space. Across-subject variability was minimized at scan prescription by locating slices based on the AC-PC landmark; after transformation to the common MNI brain space, the ASL acquisition order of each voxel and the TI associated with each voxel could be different. For each voxel, information regarding the acquisition slice number was stored in the geometric information image for each subject, which enabled the calculation of individual ATT values in the common space before performing group analysis. To register the ASL slice information in the common space, for each individual ASL dataset, a 3D image was created and each voxel was assigned a number (1 to 10) indicating the acquisition order. This 3D image contained the same geometric information as M 0 and it was transformed to the common space using the same transformations as applied to M 0 . This transformed image provided information about when a voxel was acquired and thus the associated TI.
ROI
Sensorimotor and visual brain ROI were defined in the common reference space based on the task-induced changes in PET CBF maps. Multiple voxel comparison correction was considered in the definition of the sensorimotor and visual ROIs (P < 0.05, corrected) (35) . The size of the sensorimotor ROI was $2430 mm 3 and that of the visual ROI $2970 mm 3 . These ROIs (Fig. 5 ) were used to evaluate the ATT in both the resting and the activated states and to examine the changes in the ATT due to activation.
RESULTS
The group average of the perfusion-induced changes in ASL signal intensity, the CBF maps measured by PET, and the ATT maps estimated are shown in Fig. 1 for the upper part of the brain and in Fig. 2 for the lower part. These are pooled-subject data and the images shown are composites in the common space. The maximum ATT values in the upper and lower parts of the brain were approximately 1.4 and 1.8 sec, respectively.
After the ATT values were estimated on a per voxel basis, the in-slice mean ATT values were calculated for each subject in terms of the original ASL acquisition order. Group analysis of the in-slice mean ATT values was performed for both upper and lower parts of the brain. The in-slice spatial SD of the ATT values was also estimated as a measure of the in-slice ATT spatial variability, which is often ignored in quantitative ASL CBF applications. These results are also shown in Table 1a and b. For the upper part of the brain, the mean ATT value is 630 AE 30 (standard error of the mean) ms for the 1st slice and 1120 AE 40 ms for the 10th slice when the spacing between the labeling and imaging slabs was 20 mm (Table 1a) . Linear regression shows excellent goodness of fit, with R 2 ¼ 0.95, and an ATT increase of 63.5 ms per slice was observed when the effective slice thickness was 9 mm (Fig. 3) . For the lower part of the brain, the mean ATT value is 970 AE 20 ms for the 1st slice and 1430 AE 40 ms for the 10th slice (Table 1b) . Linear regression also shows an excellent goodness of fit, with R 2 ¼ 0.95, and an ATT increase of 50.4 ms per slice was observed.
Segmentation of the brain into gray and white matter was performed in the common MNI space based on T 1 -weighted anatomic images, and the mean in-slice ATT values were calculated for the gray and white matter, respectively (Table 1) . For the upper part of the brain, the mean white matter ATT was 64 ms longer than that of the gray matter; for the lower part, the difference was 111 ms. Per-subject pairwise t tests showed that these differences in ATT between the gray and white matter were significant (P < 0.05).
Empiric ATT values are usually assumed on a perslice basis when CBF is quantified using ASL. For instance, in flow-sensitive alternating inversion recovery (FAIR) perfusion imaging, especially single-slice FAIR (36, 37) , the ATT value is assumed to be very small so it is set to 0. In QUIPSS II (10, 12) , TI 1 takes the place of TI-s a in Eq. 1, i.e., s a ¼ TI À TI 1 . Linear regression lines for the in-slice mean ATT values were plotted for both the upper and the lower parts of the brain, as compared with that assumed in QUIPSS II (Fig. 3a) . The in-slice ATT spatial SD is plotted in Fig. 3b .
In order to appreciate the errors caused in ASL CBF measurements that use empiric ATT values on a perslice basis and ignore in-slice spatial variations and their dependence on the imaging location, CBF was quantified using the ASL model (Eqs. 1 and 2) by assuming different ATT values: (1) the in-slice mean ATT estimated in this study (group average , Fig. 3a) ; and (2) the ATT values indicated by the QUIPSS II model. For our study, s a (i) ¼ 1400 þ 55 Â (i À 1) -700 ms. The CBF calculated in this manner was then compared with that measured by PET, and the results are shown in Fig. 4 and Table 2 .
In the activation studies, within both the sensorimotor and visual ROIs (Fig. 5) , DM, CBF, and ATT were estimated for both the resting and activated states, and the task-induced changes in each of these parameters were calculated ( Table 3 ). The reduction in the ATT due to focal activation was of similar magnitude for both the visual and motor tasks ($80 ms). This result indicates that, within the visual ROI, when quantified by ignoring the task-induced changes in ATT, the increase in taskinduced CBF would be 44% of the baseline value, whereas taking into account changes in ATT reduced the increase to 23% of the baseline CBF value. In the sensorimotor ROI, these numbers were 40% and 25%, respectively.
DISCUSSION
ATTs were calculated on a per-voxel basis based on the ASL-MRI, and PET data were collected in the same group of subjects. Spatial variations of the ATTs and their dependence on the ASL geometry were examined in terms of imaging location, the gap between the The differences between CBF quantified using the QUIPSS II model and that measured by PET. Table 2 ASL CBF Values were Calculated for Both the Upper (a) and Lower (b) Acquisition Slabs in the Brain, Using the ATT Values on a Per-Slice Basis that were Either Estimated (see Table 1 , 2nd Column) or Assumed in QUIPSS II (see Fig. 3a) , and These were imaging and labeling slabs, the order of slices, and functional activation. CBF was calculated using the ATT values optimized for each slice in one instance and using those assumed in the QUIPSS II model in another. The CBF values from these two calculations were then compared with those obtained using PET. The task-induced changes in the ATT values within the sensorimotor and visual ROIs were also estimated. The map of the ASL perfusion-induced signal changes (DM) shows some similarity to the CBF map (f PET ) measured by PET (Figs. 1 and 2 ). The contamination from the intravascular blood signal around the cerebral arteries can be seen in the MR intensity difference maps (DM) for the lower imaging slab (top row, Fig. 2 ). The ATT map obtained in this study shows a very similar pattern to those of the bolus arrival time estimates with the dynamic susceptibility contrast method (38) . However, susceptibility artifacts around the frontal sinus are seen in most of the inferior slices acquired from the lower part of the brain due to the narrow bandwidth in the phase-encoding direction. Efforts have been made in postprocessing to reduce the influence of these effects on our observations: first, nonlinear image registration strategies proposed by Duncan et al. (39) were implemented and employed to improve the (co)registration accuracy and to reduce the geometric distortions; and second, ROIs were selected based on the group average BOLD images that excluded the ATT values from these problematic regions, especially in the inferior slices (see the ATT/s a maps in Figs. 1 and 2) .
The results of this study show that ASL imaging for the lower part of the brain had significantly longer ATTs than for the upper part, with an average increase of 260 AE 20 (standard error of the mean) ms. It should be noted that the only difference in imaging parameters for the upper and lower sections was the location of the labeling and imaging slabs; the difference was a 54 mm downward displacement. The causes of this paradoxical observation are not obvious. It may relate to a change in the flow pathways in the large arteries due to the downward displacement of the labeling region. For example, it takes longer for the labeled arterial blood in large arteries to reach capillaries than that in small arteries or arterioles. When the labeling location is low, more large arteries are likely labeled due to the ''tree-like'' structure of the arterial blood delivery system.
In this study, slices 1, 2, 3, and 4 of the upper slab had the same brain coverage as slices 7, 8, 9, and 10 of the lower slab, which allowed us to assess the ASL imaging timing in terms of the gap between the imaging slab and the labeling slab. For the upper slab, the gap between the first slice and the labeling slab was 20 mm and the mean ATT to the first slice was 630 AE 30 ms; for the lower slab, the gap between the 7th slice and the labeling slab was 74 mm and the average ATT to the 7th was 1220 AE 30 ms. Over all four slices, the mean difference was 610 AE 20 ms. These results show that any change in the gap between the imaging and labeling slabs will change the ATT values dramatically and could have a marked effects on CBF quantification. It should be noted that slice 7 in the lower acquisition may also be influenced by the data acquisition process for the first six slices, but assuming these effects are small, the only factor that was changed between the two acquisitions of these slices was a difference in gap of 54 mm between the imaging and labeling slabs. This change in ATT values as a function of a change in the gap between the label and the imaging locations also allows us to estimate a mean arterial blood velocity of 8.8 cm/sec.
Marked spatial variability existed in the ATT within slices ( Fig. 3b ; Table 1 ). The mean spatial SD was 210 for the upper part and 270 for the lower part of the brain. When the per-slice ATT values are used in ASL CBF quantification, for the upper part of the brain, for example, this means over 37% of the voxels were underestimated by at least 20% or overestimated by at least 34% of the CBF value measured by PET. The lower part of the brain exhibited more spatial variability. This was likely attributable to contributions of residual signals from large arteries that were not completely suppressed by the applied crusher gradients.
The segmentation-based results revealed that the mean ATT for the white matter over the slabs examined was significantly longer than that of the gray matter for both the lower and upper parts of the brain (P < 0.05, persubject pairwise t test). The mean differences in ATT between the white and gray matter are slightly smaller than the differences in the TA (time of appearance) PET CBF is in mL/100 g/min, ASL DM in a.u., and ATT in milliseconds; CB: checkerboard; *P < 0.05. values obtained by dynamic susceptibility contrast MRI (40, 41) . We had hoped that the gray matter (GM) and white matter (WM) differences in ATT would explain most of the spatial variability we observed in this study. But the ATT spatial variability based on GM-WM segmentation turned out to be similar in magnitude to that without segmentation. One most likely explanation of this observation is that the ATT spatial variability is more dependent on the anatomy of the brain vasculature than brain tissue classification. Using the in-slice mean ATT values listed in Table 1 , CBF was quantified using Eq. 1 and was compared with that measured by PET. This comparison allowed us to estimate the spatial variability in ASL CBF quantification caused by ignoring the in-slice ATT spatial variability. For the upper part of the brain, the error in ASL CBF could be as much as 20 mL/100 g/min; for the lower section, it was up to 30 mL/100 g/min. CBF was also calculated using the ATT values assumed in QUIPPS II and was compared with that by PET, and differences up to 50 mL/g/min were observed in voxels. The in-slice mean CBF values were significantly different for all slices of the lower part (Table  2b ; P < 0.001) and for some of the slices of the upper part (Table 2a ; P < 0.05). The QUIPSS II model assumes a linear relationship between the ATT and the slice number. The data presented here indicate good agreement with the QUIPSS II model for the upper part of the brain; the QUIPSS line is close to the regression line of the upper part but far away from the regression line of the lower part, with a slope of 55 ms/slice falling in between those of the two lines. In practice, the slope of the QUIPSS II line can be adjusted by changing the width of the echoplanar imaging data acquisition time window.
The reduction in ATT due to focal activation was of similar magnitude for both the visual and motor tasks ($80 ms) and lower than that reported in a previous sensorimotor study ($110 ms) by Yang et al. (17) , in which pulsed ASL was used with a range of TIs. In another sensorimotor and visual study (19) , ATT was determined by continuous ASL, to decrease by approximately 150 ms upon activation. Hendrikse et al. (24) reported a decrease of ATT <100 ms in response to visual stimulation. The ATT changes measured using turbo-continuous ASL were much higher (13) .
A detailed discussion of ATT effects and optimization of ASL imaging parameters in terms of the ATT can be found in (25, 42) . Insights from this study provide researchers with more specific information of factors to be considered in comparing ASL CBF results across studies. The data presented here can also be used to further optimize the ASL imaging parameters. The two-part ASL acquisition used in this study allows us to examine the dependence of the ATT effects on the slice thickness, labeling position, and the gap between the imaging and the labeling slabs. To the best of our knowledge, this is the first study to address these issues systematically. For any functional study using ASL on normal subjects at 3 T, the group average ATT maps can be used on a per-voxel basis to minimize the errors in absolute CBF quantification, provided that all the imaging parameters are identical to those employed in this study, including slice location and orientation. Under circumstances that the imaging parameters change, the results presented here could still be used to generate a set of relative ATTs on a per-slice basis, which could be accomplished by extending the results obtained in this study to take into account the changes in specific imaging parameters and/or geometry.
The TR was set to 2 sec in this study so that more perfusion images could be collected within a given the total scan time. When the ATT is very long, for example, as could be the case in neonates or patients (43) , the bolus ''aliasing'' between TRs could result in negative signal intensity changes. All subjects recruited in the study were normal and healthy adults and no negative ASL signal due to bolus aliasing was observed.
The intravascular flow crusher gradient was set to V enc ¼ 5 cm/sec, which was a compromise among several considerations: the gradient was large enough to suppress the intravascular flow contamination, and it was applied within the magnetic resonance safety limits while also allowing for a fairly short echo time to avoid imaging artifacts induced by spin-spin relaxation (44) .
In the assessment of the effects of the ATT spatial variability on ASL CBF quantification, we assumed that the ATT spatial variability was the major source of error. There are other factors not measured that could contribute to the observed CBF quantification errors, such as the brain-blood water partition coefficient (k) and the RF labeling efficiency (a p ). Bolus dispersion might also occur in some voxels (45) . However, neither of these effects would be expected to vary systematically as a function of slice location and acquisition order, and thus we can assume these unmeasured parameters were not influencing the results presented.
[ 15 O]water PET imaging is a time-honored technique that is considered to be the current standard in human CBF measurements, and we have incorporated the most recently developed techniques in PET CBF quantification (46) . The construction of high-resolution research tomograph is designed to minimize partial-volume effects, with the potential for extremely high resolution (<3 mm) for human and large-animal brain imaging. The use of phoswich detectors (10 mm lutetium oxyorthosilicate and lutetium yttrium orthosilicate scintillator detectors) provides the capability to achieve excellent uniformity in resolution across the field of view. The small aperture (46.9-cm diameter), long axial field of view (25.2 cm), and 20 mm crystal depth provides high sensitivity, allowing sufficient counts so that images with high resolution can have reasonable statistical quality. In this study, PET images had a high reconstructed resolution of $2.5 mm to minimize partial-volume effects. Donahue et al. (47) have examined CBF measured with the transfer insensitive labeling technique (TILT) as a function of spatial resolution and postlabeling delay times and compared it with CBF values from the PET literature. They found that when the ASL acquisition resolution increased from 3.75 Â 3.75 Â 3 mm 3 to 7.5 Â 7.5 Â 3 mm 3 , the CBF value within an occipital gray matter ROI decreased up to 15.4% due to the partial-volume effect, as quantified with a one-compartment model. Based on their data, the decrease in CBF (within the same gray matter ROI) due to the partial-volume effect with an acquisition resolution of 4 Â 4 Â 6 mm 3 should be <12%. When both the gray and white matter are considered within a slice, the mean in-slice ATTs should be much less affected.
Although [O-15] water PET has been used as the gold standard in measuring CBF, it may give erroneously lower values in high-flow regions due to limited extraction. Within these regions, the method we used to estimate ATT in this study will also yield biased values.
CONCLUSIONS
In most of the previous comparisons of PET and MRI in quantifying CBF, data from the two modalities were directly compared (47) (48) (49) (50) (51) . In this study, the PET data were instead used to inform the MR data to reveal the effects of ATTs on the quantitative CBF obtained using ASL-MRI. This allowed us to investigate ATT effects on a per-voxel and per-slice basis across the whole brain. The data also allowed an examination of the dependence of ATT values on the location of the imaging slab and the gap between the imaging and labeling slab and the resultant errors in ASL CBF quantification as a function of these factors. Task-induced decreases in ATT within sensorimotor and visual cortex were also calculated, and their effect on CBF quantification was revealed. The observations in this study provide researchers with the necessary information to set up ASL imaging parameters and to use the appropriate ATT values to minimize errors in absolute CBF quantification.
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APPENDIX
The ATT s a was estimated on a per-voxel basis using the following iterative algorithm:
Step 1: Set c (0) ¼ 1, s a (0) ¼ 0, and i ¼ 1;
Step 2: Calculate s a [i] as follows:
Step 3: If js a ½i À s a ½i À 1j=s a ½i < n or i > N max , go to step 4; otherwise, estimate c[i] according to the following equation:
cðiÞ ¼ a p 1 À e ÀðTIÀsaÞð1=T1appÀ1=T1aÞ ðTI À s a ðiÞÞð1=T 1app À 1=T 1a Þ i ¼ i þ 1; go to step 2;
Step 4: Select next voxel; go to step 1. In this study, we chose n ¼ 0.001 and N max ¼ 500. Other perfusion-related parameters used in ATT quantification: T 1a ¼ 1490 ms, k ¼ 0.9 mL/g, and a p ¼ 0.95 (3) .
